The microcirculation is a complex system, and the visualization of microcirculation has great significance in improving our understanding of pathophysiological processes in various disease conditions, in both clinical and fundamental studies. A range of techniques are available or emerging for investigating different aspect of the microcirculation in animals and humans. This paper reviews the recent developments in the field of high-resolution and high-sensitive optical imaging of microcirculatory tissue beds, emphasizing technologies that utilize the endogenous contrast mechanism. Optical imaging techniques such as intravital microscopy, Capillaroscopy, laser Doppler perfusion imaging, laser speckle perfusion imaging, polarization spectroscopy, photoacoustic tomography, and various implementations of optical coherence tomography based on Doppler and speckle contrast imaging are presented together with their prospectives and challenges.
Introduction
The microcirculation plays a vital role in the pathophysiology of several disorders in many clinical areas including cardiology, dermatology neurology and ophthalmology, and so forth. [1] . The primary function of microcirculation is referred to the process involved in the nutritive blood delivery to the tissue's capillary bed, which is vital for the homeostasis, and thereby the survival of an organ. Recent advances have highlighted the crucial involvement of the microcirculation in many basic research and clinical circumstances including cancer diagnosis and therapy, arteriosclerosis, therapeutic angiogenesis, vasopastic conditions, reconstructive surgery, and also for development and implementation of anti-vascular strategies. In clinical research, noninvasive imaging of microcirculation could be of great significance in accessing the effect of medical or surgical intervention in clinical trials, and in clinical practice it could be helpful to assist in diagnosis and monitoring of disease progression or the result of therapy in individual patients. Numerous imaging techniques have been proposed in the last few decades to image microcirculation in medical research area, which vary widely by the type of microcirculatory information that they can provide and in their cost and availability.These methods includes positron emission tomography (PET) [2] , Magnetic resonance imaging (MRI) [3] , plethysmography [4, 5] , thermal [6] and radioisotope [7, 8] clearance, orthogonal polarization spectral imaging [9, 10] , video-photometric capillaroscopy [11, 12] , and Doppler ultrasound [13] . Some of these methods are limited with their imaging parameters such as spatial and temporal resolution, quantification of flow information, capability of obtaining depth resolved information, chronic imaging of tissue perfusion, injection of labeled pharmaceuticals for enhanced contrast, and the level of noninvasiveness; others have practical limitations in clinical and basic research applications. There has been a great deal of interest in developing non/minimally-invasive high-resolution label-free depth-resolved imaging modality for clinical and fundamental studies.
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In general, imaging microcirculation is a very challenging task due to the requirement of relatively high spatiotemporal resolution and sensitivity to image small diameter of the blood vessels. Most of the available methods that fulfill these conditions are based on optical measurement technologies. The currently existing high-resolution optical imaging techniques can be broadly classified into two categories; the first one generally require invasive procedures or exogenous contrast agents, such as fluorescence angiography, intravital confocal microscopy and two-photon excitation microscopy, and so forth, which perturb the intrinsic physiology of the microcirculation. The second one is based on endogenous contrast and direct visualization of microcirculation such as laser Doppler technique, infrared thermography, Nail fold video microscopy, capillaroscopy, polarization spectroscopy, optical intrinsic signal imaging, photo acoustic imaging and phase-resolved Doppler optical coherence tomography, and so forth. [15] [16] [17] [18] [19] . In this paper we will provide an overview of various types of optical imaging modalities that are based on endogenous contrast mechanism for imaging of microcirculation. The review will also focus on the recent technical advances in the field of OCT-based flow imaging modalities and will highlight various Doppler and speckle contrast-based OCT imaging techniques which have most significant impact in the present scenario of endogenousbased microcirculation imaging.
Conventional Endogenous Contrast Based Optical Imaging Optical Imaging Modalities for Microcirculation Imaging

Video Capillaroscopy.
Video capillaroscopy [20, 21] is a widely used noninvasive high-resolution optical microscopic imaging modality in clinical routine and dermatology research. Video capillaroscopy may also be referred to as intravital capillary microscopy or intravital capillaroscopy although in the clinical setting "intravital" is often omitted. Video capillaroscopy allows visualization of a living system in real-time, especially the nutritional dermal capillaries, which is clinically important in several pathological circumstances like skin lesion, pressure ulcers, or diabetes [22, 23] . Video capillaroscopy provides a two-dimensional projection map of a three-dimensional network of capillaries. In combination with television and video and/or computer technology, a typical video capillaroscopy setup provides high contrast images of skin capillaries on videotape, computer disc, or photograph. Fiber optics illumination is commonly used to illuminate the imaging sample. In clinical diagnostics, capillaroscopy is widely used in certain specific places in the body such as the area of skin overlapping the base of the finger nail and toe nail, pigmented skin lesion area where capillaries come close enough to the surface of the skin. During imaging to increase the transparency of the tissue, a clearing agent such as index matching oil or immersion oil is often used [24, 25] . The video capillaroscopy may be used to assess different parameters such as capillary morphology, capillary density, and capillary red cell column width. However, in certain types of highly pigmented skin, the pigment, melanin absorbs light very strongly in the visible spectrum making capillaroscopy difficult. In such condition, the capillaroscopy in conjunction with intravenous administration of fluorescence dyes (sodium fluorescein or indocynide green), this is one of the main limitation of capillaroscopy. Furthermore, sodium fluorescein dye may cause nausea, vomiting, itching, dyspnea, and additional adverse allergic reactions [26] , while indocyanine green dye must be used cautiously in patients who are allergic to iodine and shellfish [27] . Another main disadvantage is that this method cannot provide depth information. The nail fold microcirculation is extremely sensitive to external temperature and vasoconstrictive agents [28] . It has also been reported that nail fold microvascular blood flow was reduced in normotensive febrile patients [29] . The use of this technique in man is limited to the easy accessible surfaces such as the skin, nailfold, lip, or the bulbar conjunctiva [30, 31] . Thus, the nailfold videomicroscopy may not be a reliable indicator of microcirculation in other parts of the body, particularly in critically ill patients. Figure 1 shows the videocapillaroscopy image of nailfold region of a normal human volunteer.
Intravital Confocal Microscopy (IVM).
The gold standard for assessment of microcirculation is intravital confocal microscopy [33, 34] , which has been widely used in small animal studies to examine the microcirculations in situ and in vivo with high resolution. The technique is feasible with inherently thin tissues which allow transillumination, such as tadpole tail and bat wing. Intravital microscopy can provide quantification of vessel count, diameter, length, density, permeability, and blood flow velocity. However, intravital microscopy is a time consuming, invasive procedure, and the imaging depth is limited to a few hundred microns in highly scattering specimens [35] . The intravital microscopic study of the microcirculation without the use of dyes in humans has been largely restricted to the very superficial layers. Moreover, the size and flexibility of instrument for clinical and research studies can also be a limiting factor.
Orthogonal Polarization Imaging (OPS).
Orthogonal polarization spectral (OPS) imaging is a relatively new technique, which allows direct visualization of the microcirculation without using any florescent dye [36, 37] . Unlike conventional reflectance imaging (CRI), OPS uses the phenomenon of cross-polarization to reduce the multiple surface scattering and turbidity of the surrounding tissues. In OPS imaging linearly polarized light is used to image the sample, and most of the light that reflects back from the superficial layers retain the same polarization of the imaging beam; however, the light that penetrates the tissue more deeply undergoes multiple scattering events and becomes depolarized. Using sophisticated orthogonal polarization optics only the depolarized scatted light which is emerging from the deeper tissue layers is extracted and imaged on to a two-dimensional array detector. In general, wavelengths at isosbestic point of hemoglobin absorption were chosen to achieve optimal imaging of the microcirculation because International Journal of Optics at this wavelength oxy-and deoxy-hemoglobin absorb the light equally. Thus, the blood vessels of the microcirculation can be visualized by OPS imaging. However, OPS provide no depth resolved information and lacks the measurement consistency [38] required for longitudinal studies. [42] [43] [44] [45] [46] . This technique is capable of noninvasive and continuous recording of blood perfusion in many clinical applications. However, LDI is still not has been fully integrated into clinical setting and is mainly used fundamental and research studies. A major limitation of LDI is its inability to provide depth resolved perfusion map and imaging depth is limited to only around 1 mm [39] . Moreover, Laser Doppler is not able to measure flow in absolute unit (i.e, mL/min), thus it often uses arbitrary unit of flux, which is the product of concentration of moving blood cells and the mean velocity of those blood cells [39] .
Laser Doppler Imaging (LDI
Laser Speckle Perfusion Imaging (LSPI).
Laser speckle perfusion imaging is another alterative laser-based microcirculation imaging modality [47, 48] , which uses the decorrelation of the speckle pattern over the finite integration of the two-dimensional detector array to quantify the blood flow. Based on the local contrast calculation, various implementations of LSI methods are reported in the literature. One of the most widely used LIS method is Laser Speckle Contrast Analysis (LASCA), in this modality the local contrast is computed in a block of n × n pixels from digital speckle photograph [49] [50] [51] . Due to the fact that the contrast in LASCA is analyzed for a group of pixels in one image, this modality has the disadvantage of a lack of spatial resolution. In order to overcome this limitation, another modality called Laser Speckle Imaging (LSI) has been proposed [52] [53] [54] . In LSI imaging modality, the local contrast is calculated based on one pixel in a time sequence, rather than based on multiple pixels in one image in LASCA. However, the main limitation of LSPI is that it can produce good measures of relative two-dimensional projection map of flow and cannot provide the baseline flow information. This is because it is still unknown which velocity distribution (e.g., Voigt, Lorentzian, or Gaussian) should be used. Thus, LSPI method needs to assume a specific velocity distribution to relate the speckle contrast to the tissue perfusion, and this makes the technique less generally applicable. Another major limitation of LSPI is k of knowledge of the depth resolved flow information and the biological zero signal, which arises from the perfusion measured at no flow condition. Figure 2 shows the LSI image of mouse brain perfusion with intact skull (The image is from unpublished work by the author).
Photo Acoustic Tomography (PAT).
Photoacoustic tomography (PAT) [55, 56] , based on thermal-acoustic phenomena resulting from the strong light absorption of blood and the subsequent thermoelastic expansion, which has been reported to map vascular structures deep within the brain of small animals [57] . There are basically two types of PA imaging techniques: PA microscopy (PAM) and PA Tomography. PAM uses spherically focused ultrasonic transducers with 2D point-by-point scanning to localize the PA sources Reproduced with permission from [14] .
in linear or sector scans and then reconstruct the 3D highresolution tomographic image directly from the measured data set [58] . Recently, optical resolution PAM cable of imaging single capillaries in vivo with a resolution of ∼5 μm was reported [59] . On the other hand, PAT uses pulsed broad laser beam, which illuminates the biological tissue under investigation to generate a small but rapid temperature rise, which leads to emission of ultrasonic waves due to thermoelastic expansion [60, 61] . A typical PAT system uses an unfocused (wideband) ultrasound detector to detect the short-wavelength pulsed ultrasonic waves. High-resolution tomographic images of optical contrast are then formed through image reconstruction. This endogenous optical contrast of PA signal can be used to quantify the concentration of total hemoglobin, the oxygen saturation of hemoglobin, and the concentration of melanin. However, because of the use of ultrasound, PAM and PAT inherit the requirement of an acoustic coupling medium for imaging, which is one of the major limitation that are associated with the ultrasound technology. In addition, the spatial (∼100 μm) resolution limit of PAT is limited by the viscoelastic filtering of higher acoustic frequencies by the tissue. Moreover, quantification of flow velocity based on Doppler imaging has yet to be explored beyond the realm of PA imaging. Figure 3 shows the volume rendered PAT image of the vasculature in a human palm in vivo.
Mcrocircualtion Imaging Based on Optical Coherence Tomography (OCT)
Optical coherence tomography (OCT) is a novel, noninvasive, optical imaging modality based on low coherence interferometry [18, [62] [63] [64] . The principle of OCT was first conceived in 1990 by Dr. Naohiro Tanno, a professor at Yamagata University [65, 66] , and then perfected in 1991 by Massachusetts Institute of Technology team headed by Professor James Fujimoto [62] . OCT enables the noninvasive, noncontact imaging of cross-sectional structures in biological tissues and materials with high resolution. In principle, OCT is an optical analogue to clinical ultrasound. In OCT, the temporally gated optical pulse remitted from scattering sites within the sample is localized by lowcoherence interferometry (LCI) [67] [68] [69] [70] [71] [72] [73] [74] [75] . This is typically achieved with a Michelson interferometer. The sample rests in one arm of the interferometer, and a scanning reference optical delay line is in the other arm. In LCI, light interferes at the detector only when light reflected from the sample is matched in optical pathlength with that reflected from the scanning reference mirror. A single scan of the reference mirror thus provides a one-dimensional depthreflectivity profile of the sample. Two-dimensional crosssectional images are formed by laterally scanning the incident probe beam across the sample. The reconstructed OCT image is essentially a map of the changes of reflectivity that occurs at internal interfaces, similar to the discontinuities in acoustic impedance in ultrasound images. A typical implementation of OCT imaging system comprises a broadband light source emitting light of high spatial and low temporal coherence, which is coupled into a 2 × 2 fiber optics-based Michelson interferometer, as shown in Figure 4 . The Michelson interferometer divides the light beam and directs it into two arms of the interferometer. The sample arm beam directs into the object to be analyzed. It usually contains collimating optics enabling formation of a narrow beam, which penetrates the object. In order to reconstruct two-dimensional cross-sectional images of the object, the beam is galvanometrically scanned across the sample surface. Light backscattered or reflected from the various structures returns to the interferometer and is brought to interference with light reflected back from the reference arm mirror (RM. The standard fiber-optics Michelson interferometer is not the most efficient design for practical implementation, because a major disadvantage of this configuration is that the dc signal and intensity noise generated by the light from the reference arm add to the interference signal. In OCT, the coherence-gated information about the elementary volume of the scatters within the obscuring scattering specimen can be obtained from either the time domain measurement (TD-OCT) or the frequency domain (FD-OCT) [76, 77] measurement. As a variant coherence domain variant interferometric imaging modality, FD-OCT has been widely attracted in the biomedical imaging field due to its higher sensitivity and imaging speed compared to conventional TD-OCT. The principle of FD-OCT relies on the transformation of the OCT time varying signal along the optical axis, termed the A-scan, into the frequency domain. In contrast to standard microscopy, OCT can achieve fine axial resolution independent of the beam focusing and spot size. The axial image resolution in OCT is determined by the 6 International Journal of Optics measurement resolution for echo time delays of light. The axial resolution of an OCT is an important specification of an OCT system, and in many biomedical applications high axial resolution is often required to distinguish different cellular ultrastructures. The axial resolution of OCT is defined as the full width half maximum (FWHM) of the source coherence length l c . For a source with a Gaussian spectral distribution, the axial resolution is given by
where Δz and Δλ are the full width at half maximum of the autocorrelation function and spectral width and λ 0 is the source center wavelength [66] . It can be seen that broadband light sources are required to achieve high axial resolution, as the axial resolution is inversely proportional to the spectral width of the light source. The transverse resolution in OCT imaging is the same as in optical microscopy and is determined by the diffraction limited spot size of the focused optical beam. The diffraction limited minimum spot size is inversely proportional to the numerical aperture or the focusing angle of the beam. The lateral resolution Δx can be written as
where f is the focal length of the objective lens and d is the 1/e 2 Gaussian beam wrist at the objective lens. It can be seen from the above equation that high lateral resolution can be achieved by using a large numerical aperture (NA) to decrease the spot size. However, for the selection of optics there is a trade-off between the lateral resolution and the imaging depth. A higher lateral resolution leads to a decrease in the depth of focus, or confocal parameter b, which is twice the Rayleigh range
The Rayleigh range gives the distance from the focal point to the point where the light beam diameter has increased by a factor of √ 2. This effectively limits the scanning range of the OCT, quite apart from the working range of the scanning reference delay line, as it is the range over which lateral resolution is maintained.
Soon after the invention of OCT, there has been a great interest in the development of various hardware and software modules for extending the functionality of OCT for measuring functional and physical parameters such as such as polarization sensitive [78] [79] [80] [81] [82] [83] [84] [85] [86] [87] [88] [89] , Doppler flow imaging [90] [91] [92] [93] [94] [95] , spectroscopy [96] [97] [98] [99] [100] [101] , elastography, and so forth. Among them microvascular imaging of flow based on OCT is a major trust area of research. The microvascular imaging modality based on OCT can be broadly divided into two categories, the one based on Doppler principle, that generally quantifies the blood flow velocity, and the one based on speckle contrast imaging principle, which is mainly used for the visualization of microvascular blood circulation without providing any quantitative flow information. A number of extensions of flow imaging modalities based on OCT have been implemented using the above mentioned principles. In the following section we will provide an over view of some of the prominent techniques.
Doppler OCT (D-OCT).
Doppler optical coherence tomography (DOCT) is an alternative low coherence interferometric technique to extract depth-resolved blood flow information in functional vessels within the tissue beds. Recently, DOCT have received extensive attention over other label-free optical imaging techniques and found numerous applications in various fundamental biology and clinical studies because of many advantages, such as high spatial and temporal resolution, noncontact, noninvasiveness, depth resolvability, flexibility with integrating with clinical surgical systems, and the capability to providing realtime measurement with high speed and sensitivity. The operating principle of DOCT is fundamentally very similar to the Doppler velocimetry. Doppler velocimetry suffers from imprecise imaging due to the long coherence length of the light source used, which results the interference of the static and Doppler shifted components of light occurs over a long optical path. However, in DOCT the low coherence gating property of OCT overcomes this problem, thus permitting quantitative imaging of fluid flow in highly scattering media, such as monitoring in vivo blood flow beneath the skin.
In DOCT, the velocity resolution depends upon detection electronics, scan angle, and acquisition time. Reported flow velocity resolutions are in the region 10-100 μms −1 ; based on first generation time-domain OCT systems [90] [91] [92] . However, recent development in Fourier Domain Doppler OCT (FD-DOCT) has shown that a velocity resolution of just a few micrometers per second may be achieved [32, [102] [103] [104] [105] . The DOCT can provide 3D-tomographic map and velocity profile of blood flow in tissue, which attracted a number of biomedical applications, for example, determination of the depth of burns, determining tissue perfusion to ensure adequate oxygenation of the tissue after injury, wound closure, grafting, and so forth. Other applications include distinguishing between arterial and venous blockages in tissue after injury, or monitoring the effect of pharmaceuticals on blood transport in the tissues. A typical cross-sectional DOCT image of the flow characteristics in a standard circular plastic tube is shown in Figure 5 (a). requires the application of special relativity. The result for a Doppler shifted frequency f d is
where f 0 is the initial frequency of the electromagnetic wave, c the speed of light, and u is the speed of the moving object. Here, it is assumed that u is positive when the object is moving towards the observer. In this case, it is seen that the Doppler shifted frequency, Δ f , must be greater than the initial frequency
It can be shown that when u is much less than c, the velocity of the moving sample is given by
In the practical DOCT system, Figure 6 , the interferometer sample arm is angled relative to the direction of flow by an amount θ. Detected light is scattered from a moving particle in the sample, undergoing a double Doppler shift-once from the source to the particle, and once again from the particle back to the objective. These two factors are taken into account by expressing (6) in terms of initial source and scattered wave-vectors k 0 and k d , respectively. The Doppler shift can then be written as
Therefore, the velocity of moving particles can be determined from the measurement of the Doppler shift and knowledge of the relative angle between the optical signal and the flow [44] 
Using OCT structural information about the sample is obtained by either conventional TD-OCT [62] or more recently FD-OCT [76] . However, to retrieve data regarding the flow of particles within submerged capillary, extra measurements of the Doppler shifted frequency must be made. To do this in the time domain, the reference mirror of the interferometer is scanned to match the path length within the capillary. At each spatial point within the capillary, the detector intensity is sampled at a rate not less than two samples per time period of the source. The time varying result is then Fourier transformed to give the Doppler frequency shift due to moving particles within the capillary.
By doing this at a number of points within the capillary, a profile of particle flow is determined. The axial resolution of DOCT is again dependent on the source temporal coherence length, and the lateral scan resolution on the beam spot size. Velocity resolution depends upon the detection electronics, scan angle, and the DOCT has been applied to a number of medical situations, especially in the field of clinical ophthalmology. Not least of these, imaging in vivo blood flow in the mouse brain [32] , skin [106] , and retina [103] has been demonstrated. The capability of DOCT to measure flow within a scattering sample also has potential in new areas of research such as microfluidics [107] . In the following section, we will provide a detailed description about DOCT principle and various flow imaging modalities based on DOCT in both time and frequency domain.
Doppler-Based OCT Flow Imaging Modalities.
Soon after the invention of laser in 1960, there has been several attempts to develop Doppler-based optical flow measurement techniques such as laser Doppler velocimeter (LDV), laser speckle contrast imaging, Laser Doppler flowmetry, and so forth. However, the main concern among these methods is the capability of depth resolvability. The localized velocity measurement based on low coherence interferometry was first reported by Gusmeroli and Martinelli in 1991 [108] . The introduction of OCT in to the depth resolved flow imaging techniques represents a major methodological enhancement and a wide verity of novel and advanced DOCT modalities are presently under development. We will provide a short overview of some of the most significant and promising flow imaging modalities based on DOCT. [109] is an estimation of the power spectrum of the interference fringe intensity in successive time segments (t i , t i + Δt p ), which can be represented by a two-dimensional surface in the time-frequency plane containing the time-varying spectral properties of the Doppler signal current. Chen et al. first demonstrated the spectrogram method to measure the onedimensional depth profile of fluid flow velocity in a transparent glass and turbid collagen conduits using DOCT [90] . To construct a spectrogram, the Fourier transform is applied to "short-time" (i.e., localized or windowed) segments of the Doppler signal current. Each local Fourier transform provides the spectral information for that particular time segment, and the window is then shifted to a slightly later time to generate another local spectrum. Following this approach, the properties of the signal can be simultaneously analyzed in the temporal and frequency domains. Although a number of algorithmic approaches can be used to estimate the spectrogram of a time varying signal, short time fast Fourier transform (STFFT) analyses on the time domain interferogram signals [90, 92] were initially adopted in DOCT. Chen et al. first introduced the two-dimensional in vivo Doppler OCT imaging using the spectrogram method [110] in 1997. The spectrogram method uses a short time fast Fourier transformation (STFFT) or wavelet transformation to determine the power spectrum of the measured fringe signal. Figure 7(a) shows the structural morphologies of the aorta, and Figure 7(b) shows the high-contrast imaging of aortic blood flow velocity using the spectrogram method.
Izatt et al. demonstrated the feasibility of STFT with complex demodulated A-scans to provide directional flow information in biological tissues with microscale resolution [92] . The complex envelope of the detected interferogram was obtained with a phase-sensitive demodulation technique. The authors showed the color coded 2D Doppler velocity data of a hamster skin-flap model with the color coding indicates direction of flow. Although spectrogram methods allow simultaneous imaging of in vivo tissue structure and flow velocity, however, it was quickly realized that STFFT method has severe limitation on real-time in vivo imaging of blood flow, largely due to the coupling issue International Journal of Optics 9 between the flow imaging resolution and the short time Fourier window size that can be used for flow analyses [32] .
(b) Phase-Resolved DOCT (PRDOCT). As mentioned above, one of the main drawbacks of STFT-based DOCT is that the velocity sensitivity and spatial resolutions are coupled, that is, a large pixel-time window size increases the system velocity sensitivity while decreasing spatial resolution, meanwhile increasing the image frame rate also decrease the velocity sensitivity. Thus for measuring the blood flow in small vessels in which red blood cells are moving at very low velocity, the imaging frame rate should be reduced. In real-time implementation of DOCT with STFT-based spectrogram method the time for each A-scan is very shot because of the fast frame rate; thus, the velocity sensitivity decreases drastically because the window time for each pixel should be too short to provide the Doppler shift by STFT algorithm. To overcome this limitations, Zhao et al. proposed the phaseresolved DOCT (PRDOCT) method [111] , in which by evaluating the phase difference between adjacent axial OCT scans (A-scan), PRDOCT greatly improves the detection sensitivity for imaging the flow velocity by decoupling the spatial resolution and velocity sensitivity.
The initial implementation of PRDOCT was based on Hilbert transform, in which the phase of the Doppler signal is determined through the analytic continuation of the measured interference signals by Hilbert transform. By this implementation, a minimum velocity sensitivity as low as 10 μm/s with a spatial resolution of 10 μm/s was reported. Moreover, by comparing the sequential A-sans at the same locations, the speckle modulations in the fringe signal cancels each other and will not affect the phase difference calculation.
(c) Velocity Variance Mode. One of the main drawbacks of PRDOCT method is that the Doppler shift mainly depends on the angle between the probe beam and flow direction, and which is highly sensitive to the pulsatile nature of the blood flowing through the vessel. In several clinical applications, such as imaging port-wine stain the qualitative flow visualization is more significant than quantitative flow imaging. Zhao et al. extended the use of PRDOCT by introducing the use variance of Doppler frequency spectrum to map the vasculature [112] . One of the main advantages of this velocity variance mapping method is that it eliminates aliasing and can greatly increase the velocity measurement range. Since variance generally increases from the laminar to the turbulent regime, this mode can detect areas of significant turbulence, such as flow near obstructions and bifurcations in vessels; it can also help distinguish true blood flow from bulk tissue motion (e.g., heart wall motion, which typically moves together and thus exhibits low velocity variance). This method gained more attention in different areas of OCT imaging [113, 114] . However, this method cannot provide blood flow directional information. But, by combining this method with the directional information obtained form color Doppler OCT, one can also display directional velocity variance data, similar to the directional power Doppler mode in clinical ultrasound. This method is less sensitive to pulsatile nature of blood flow and provides better visualization of vasculature. The authors demonstrated the feasibility study of this extended technique for the evaluation of the efficiency of PWS in situ laser therapy.
(d) Histogram-Based Motion-Compensated DOCT. The sample movement during in vivo imaging condition is an inevitable artifact in Doppler-based OCT system and which is particularly very dominant for the case of in vivo imaging of human or animals. The relative sample motion represents as a Doppler shift in the light frequency between the light it emits and that it receives. This shift is imparted when the light strikes an object which is moving, relative to the sample probe beam. In case of flow imaging with DOCT, the Doppler frequency due to the involuntary sample motion is depicted as an additional modulation frequency, and this decisive frequency mixing in the interferogram may contribute erroneous result. Yang et al. proposed an approach based on velocity histogram analysis to eliminate this artifact [115] . This approach is based on color Doppler imaging (spectrogram) method, in which the mean Doppler frequency shift along each depth scan is derived using STFT, then the most prominent peak with an arrow velocity distribution is then probably due to bulk tissue motion, and can be eliminated from further analysis. This method is capable of eliminating motion artifacts both faster and slower than the blood flow velocity. More detailed explanation of implementation, performance of this method can be found in the original literature [113, 115] . In DAOCT, this source of contrast is sensitive to the density of scatterers rather than their velocity and gives a useful additional parameter for characterizing flow distributions. In order to calculating the Doppler amplitude signal, the digitized interferometric signal is analyzed using STFT. The Doppler amplitude signal can be extracted by calculate the relative area enclosed under the Doppler peak in an STFT. This signal is proportional to the total backscattering coefficient of the medium at a particular velocity (or range of velocities) and can be thought of as OCT but with a spatially varying and adaptive demodulation frequency. Although this method is popular in ultrasound and feasible for microcirculation imaging,this mode turns out to be rather more computationally intensive in D-OCT because of the complex nature of noise due to bulk tissue motion. It must, therefore, be computed during postprocessing and does not appear well suited for D-OCT real-time imaging.
(2) Frequency Domain-Based DOCT (a) Spectral Domain/Swept Source PRDOCT. Recent development of Fourier domain OCT imaging technique such as spectral domain and swept-source-based imaging technique has made an important step further for PRDOCT from laboratory research into visualization and monitoring of the dynamic blood flow within living tissue in vivo. This is largely due to the reason that FDOCT has a significant advantage in detection sensitivity over its time domain counterpart [117] [118] [119] , leading to increased imaging speed that is essential for any in vivo imaging applications. PRDOCT based on time-domain has been successful developments in many in vivo imaging applications [106, 111, 120, 121] , especially in visualizing microvasculatures within human retina [121, 122] .
The spectral domain-based PRDOCT was first proposed by two groups, Leitgeb et al. [103] at Vienna medical university and White et al. [102] at MGH-Harvard. Leitgeb et al. [103] combined the SD-OCT system with a commercial fundus camera-based scanning apparatus to demonstrate the capability of PRDOCT to measure in vivo real-time human retinal tissue perfusion with a speed of 25,000 Ascans per second. Using a custom-built SD-OCT imaging system a fast camera, White et al. [102] obtained an A-scan rate of 29,000 per second. The phase-sensitive images were constructed by determining the phase difference between the points at the same depth in adjacent A-scans, which is very similar to the time-domain PRDOCT pioneered by Zhang and chen. Zhang and chen first demonstrated the feasibility of swept-laser-source-based Doppler OCT for in vivo imaging of micro circulation [123] . The demonstrated system with swept laser source has a sweep frequency of 2000 A-scans per second. The phase-resolved signal processing method which was implemented previously with their timedomain system was adopted to acquire the velocity and standard deviation images. Doppler and Doppler variance images of fluid flow through glass channels and blood flow through the vessels of a chick chorioallantoic membrane (CAM) were demonstrated in vivo. A similar modality called phase-resolved frequency domain imaging was developed by Vakoc et al. [124] . There are other technical developments were reported in the field of frequency domain PRDOCT [125, 126] .
Although PRDOCT method could potentially achieve high spatial resolution and high sensitivity for imaging blood flow, its practical in vivo imaging performance is however so far being disappointing [127] . The responsible factors that degrade the in vivo imaging performance of PRDOCT are that (1) the biological tissue is generally of optical heterogeneous. This sample heterogeneous property imposes a characteristic texture pattern artifact overlaid onto the PRDOCT flow images [128] that masks the slow blood flow signals that would otherwise be detected by the method. (2) In vivo sample is always in constant motion, for example, due to heart beat. Thus, the motion artifacts in the PRDOCT blood flow images are inevitable [127] .
(b) Resonant Doppler Flow Imaging. Resonant Doppler imaging is an alternative approach implemented in Spectraldomain OCT for in vivo microcirculation imaging [129] . This method overcomes the fringe blurring artifact which is caused by the sample movement during camera integration and cause drastic reduction of sensitivity for microcirculation measurement. The proposed method was based on introducing a phase shift into the reference arm of the SD-OCT using an electro-optic element to compensate the phase shift introduced by the sample arm movement. By this method, the maximum detectable sensitivity has been shifted effectively to the reference arm velocity, and the maximum detectable velocity is independent of the Nyquist limit given by half the camera acquisition rate. The system can be turned to any particular velocity or associated Doppler frequency for which the sample Doppler frequency will be in resonance. The proposed modality is cable of imaging microcirculation in biological specimens with high contrast where the signals of static structures and sample movements were filtered out. However, this method is insensitive to directional flow and the use of electro-optics modulators makes the system more complex and expensive.
(c) Joint Spectral and Time Domain OCT (STdOCT).
The Joint Spectral and Time-domain OCT (STdOCT) is another FD-OCT-based flow imaging technique to retrieve microcirculation flow velocity and mapping [130] . In the STdOCT technique, the OCT signal is acquired while the object is scanned laterally with sufficient oversampling for Doppler signal analysis. The oversampling depends upon the ratio between the beam diameter and the scanning step size. By this way, the spectral interference fringes are acquired over time. Then, the two-dimensional Fourier transformation is applied to the spectral OCT signal. The Fourier transform along the wave number axis generates structural images similar to conventional spectral-domain OCT tomograms, and the transformation along the time axis provides information about Doppler beating frequencies corresponding to flow velocities in the object. However, this method requires high sampling density of A-scans along the B-scan direction which requires tremendous amount of time and limits the acquisition frame rate for in vivo imaging. But STdOCT technique is more robust for lower SNR, and since it is not phase based, it is less susceptible to motion artifacts.
(d) Optical Microangiography (OMAG)/Doppler Optical Microangiography (DOMAG).
Optical microangiography (OMAG) [131, 132] is a recently developed imaging method, capable of resolving 3D distribution of dynamic blood perfusion at the capillary level within microcirculatory beds in vivo. The imaging contrast of blood perfusion is based on the endogenous light scattering from the moving blood erythrocytes in the blood vessels; thus, no exogenous International Journal of Optics 11 contrasting agents are necessary. This is achieved by efficient separation of the moving scattering elements from the static scattering ones within tissue through the OMAG hardware associated with mathematical analysis of the optical scattering signals emerged from an illuminated tissue sample. In the early version on OMAG, the Doppler modulation frequency was introduced by mounting the reference mirror in the reference arm onto a linear Piezotranslation stage [131] , which moves the mirror at a constant velocity across the B scan (i.e., x-direction scan). Later, this modulation frequency is introduced by offsetting the sample arm signal light from the x-galvo scanner pivot [133] . However, the latest version of OMAG utilizes the spatial modulation frequency provided by the inherent blood flow modulation rather than reference arm modulation [134, 135] . A detailed overview of this modality can be seen in the literature [136] .
In OMAG, the structural and microcirculatory flow images are simultaneously obtained by the spatial filtering of the captured oversampled B-scan interferograms with a modified Hilbert transform algorithm. If we consider an oversampled B-fame, the nonmoving scatters at a depth do not vary with the B-scan time. So, the intensity captured by the CCD camera will be modulated by the heterogeneous properties of the tissue sample along each B-scan. This spatial frequency components of a static tissue sample, that is, the heterogeneous frequencies, will exhibit as a randomly distributed function around zero frequency with a bandwidth of BW. On the other hand, the moving scatters produce a frequency shift, which is caused by the Doppler effect of the moving particles and shifts it away from the heterogeneous frequencies of static scatters. The structural signal is filtered out in the frequency domain. The cut-off frequency depends upon the heterogeneity of the static scatters. Then, the Hilbert transform is used to convert the flow signal to an analytic signal, which includes both amplitude and a phase of the flow signal. For the flow signal, the inverse Fourier transforms have positive and negative frequency. After inverse transforming from frequency domain, by applying the conventional spectral Fourier transform along the depth direction retrieve the strength of the flow signal. Based on the above signal processing, the real flow signal is transformed to an analytic signal by Hilbert transform, which enables the bidirectional flow configuration, that is, the positive flow and the negative flow, can be separated in different imaging plane. OMAG is an emerging imaging modality with clear potential applications in many basic research and medical imaging applications. Because of its exceptionally high spatial resolution and velocity sensitivity, OMAG can provide useful information regarding microcirculation in a number of applications, both in clinical [136, 137] and basic research [138] . Tao et al. implemented a single-pass volumetric bidirectional blood flow imaging-(SPFI-) based spectral domain OCT, the signal processing employed is very analogous the above mentioned method.
One of the key advantages of OMAG is that only the signals backscattered by the functional blood appear in the OMAG flow output plane; this makes the blood flow imaging almost free of artifact-induced noises. However, the early version of OMAG is incapable of providing flow velocity information like Phase Resolved Doppler OCT (PRDOCT). This is because in the OMAG flow image, the regions that are occupied by the microstructural signals are rejected by OMAG; thus, the required correlation between the adjacent A-scans within the static tissue regions is totally lost, leading to a rather noisy appearance in the output plane of flow velocity. To overcome this problem, a digitally reconstruct ideal static background tissue, that is, totally optically homogeneous was replaced with the real heterogeneous tissue sample. This ideal background tissue provides a constant background signal that makes the adjacent A-scans totally correlated, leading to a dramatic increase of the phase signal to noise ratio (SNR) for the phase-resolved signals that represent flow velocities. This method inherits the advantages of both OMAG and PRDOCT. The feasibility of DOMAG for imaging cerebral blood perfusion in mice in vivo [134] was demonstrated successfully. Finally, it shows that the in vivo performance of DOMAG imaging of blood flow is superior to the traditional PRDOCT. To show the advantages of DOMAG in imaging the blood flow velocities over PRDOCT, a 3D comparison of DOMAG and PRDOCT images were evaluated from a scanned tissue volume from the mouse brain cortex with the skull left intact. Figure 8 shows the OMAG image of cortical brain in mouse with intact skull in vivo.
(e) Digital Frequency Ramping (DFRM). The Digital frequency ramping method (DFRM) is based on the principle of B-scan phase modulation thresholding, which is initially proposed by Wang by taking the Hilbert transform in the transverse direction of B-frames to obtain bidirectional flow information [139] . Yuan et al. further developed and employed a solely numerical approach-based computergenerated numerical Doppler frequency to enhance flow detection sensitivity and resolution [140] . DFRM is a purely numerical approach for enhanced bidirectional microcirculation imaging, which can be easily implemented on as standard SD-OCT setup to provide 2D and even 3D optical angiography in real-time.
In DFRM method, a phase shift is introduced into the original spectral interferogram using a numerical method based on Hilbert transform. Then, an arbitrary digital Doppler frequency is introduced into the new spectral interferogram signal, which is derived from the Hilbert transform. By this method, a constant Doppler frequency can be introduced into the standard spectral domain interferogram without any hardware implementations such as scanning reference mirror or mirror offsetting at the sample arm. Moreover, DFRM technique enables quantitative flow imaging, which is crucial to a wide variety of physiological and functional imaging studies where quantitative microcirculatory blood flow monitoring is required. Nevertheless, DFR is also subject to limitations because it required computationally intense calculations, which involves multidimensional Hilbert transform and FFT.
Speckle Variance-Based OCT.
The Doppler-based OCT is a powerful tool for quantitative mapping of blood flow in various applications such as skin perfusion imaging, ocular flow imaging, and so forth. However, D-OCT method only determines the axial flow component parallel to the imaging direction of the probe beam. This parallel component of velocity is decided by the relative angle between the flow direction and the imaging beam, which is shown in the Figure 6 , and the actual velocity calculation can be obtained by knowing this relative angle. In DOCT, the flow image contrast is mainly determined by this relative angle, and the flow contrast should be maximum when this angle is θ ∼ 0, and the contrast vanishes when θ ∼ 90. In certain case such as ocular imaging, the primary direction of flow is nearly perpendicular to the imaging beam, which drastically reduces the imaging flow contrast and only vessels with large flow, which have enough axial component to surpass the phase noise can only be imaged. Thus DOCT method is insensitive to provide enough flow contrast to capillaries and small blood vessel with flow direction normal to the imaging beam direction. In order to overcome this limitation, an alternative imaging modality based on time-varying speckle phenomenon was introduced to extract flow information form OCT signal.
The speckle phenomenon is based on the coherence property of the optical waveform which came into prominence with the invention of the laser. Rigorously, a speckle pattern is a random intensity pattern which is produced by the mutual interference of a set of wavefronts. Since the principle of OCT is based on low coherence interferometry, the speckle phenomenon in OCT is inherently relies on the temporal and spatial coherence properties of the optical signal back reflected from the biological tissues. Initially speckle is often regarded as a nuisance, or noise, and it takes several decades for the researchers to realize the full significance of speckle and its applications in various fields. Goodman describes and analyses the statistical properties of laser speckle patterns [141] , which is very significant for the conceptualization of speckle contrast imaging, one of the most promising laser-based noninvasive optical image techniques that has been widely used for imaging in vivo blood flow dynamics and vascular structure with high spatial and temporal resolution. The potential applications of laser speckle contrast imaging were soon being developed, including the use of time-varying speckle patterns to detect and measure movement. Although the approach of the speckle techniques seems to be completely different from that of Doppler methods, a mathematical analysis shows that the two approaches are, in fact, identical.
Principle of Speckle Contrast
Imaging. The speckle contrast imaging modalities in OCT are based on the mathematical analysis of the dynamic speckle pattern generated by the motion of erythrocytes in capillary tissue bed and vessels. Using conventional laser speckle imaging, the flow map of the blood circulation can be obtained either by measuring the spatial contrast [49] [50] [51] of the intensity variations or by measuring temporal contrast [52] [53] [54] of the intensity variations of the captured images. Each method has its own advantages and disadvantages; the spatial contrast offers superior temporal resolution at the expense of spatial resolution and vice versa for temporal contrast, while the advantages of both can be obtained with spatiotemporal algorithms.
The statistical property of speckle in OCT is very similar the laser speckle imaging [144] . In case of OCT, if we consider the propagation of a focused beam into the capillary bed of the imaging tissue (Figure 9(a) ), there are two important cases to be considered for the back scattered sample field signal: (1) the effects of multiple scattering by moving red blood cells within a vessel and (2) the effects of multiple scattering by fixed scatterers located above the flowing red-cell column. Effect (1) will lead to a detected photon experiencing multiple Doppler shifts, producing an apparent flow velocity that is incorrect. Effect (2) will lead to an apparent path length increase for the detected photon and may also distort the angle-of-incidence between the photon and the flow velocity direction, thus leading to an erroneous velocity measurement. Because of the movement of erythrocytes, the multiple scattering causes the fluctuation of speckle pattern spatially and as well as temporally. It is, thus, important to quantify the effects of scattering on D-OCT images.
The spatiotemporal fluctuation caused by the movement of erythrocytes can be directly expressed into the interferogram signal in terms of the optical path difference between the sample and reference arm. Generally, in laser speckle contrast imaging the contrast is defined as the ratio of the standard deviation to the mean intensity
where K s is the spatial speckle contract and σ s refers to the spatial standard deviation of the speckle intensity. Similarly, in case of temporal K t is the temporal contrast and σ t refers to the temporal standard deviation. Thus, the flow imaging techniques that are developed for laser speckle contrast imaging can be directly adapted to flow imaging with OCT. However, unlike conventional laser speckle imaging, OCT acquire longitudinal cross-sectional images (B-scan, as
International Journal of Optics shown in Figure 9 (b)) in a pixel-by-pixel manner; thus, the integration time is relatively longer than camera-based laser speckle imaging. Therefore, in general, the speckle-based OCT flow imaging can be obtained by treating the sequential pixels in the A-scans or B-scan as the sampling of the time varying speckle patterns.
Speckle Contrast-Based OCT Flow Imaging Modalities.
Speckle contrast based OCT microvascular imaging is crucial for clinical imaging conditions, where quantitative flow information are not required. The practical implementation of this technique is simpler than conventional DOCT method. Since the image contrast mechanism of speckle OCT is independent of Doppler angle, this method can provide more visually contrast image than D-OCT. In the below section, we will describe various implementation of speckle contrast OCT based on time and frequency domain modalities.
(1) Time Domain Speckle Contrast Imaging Modalities
(a) Flow Imaging without Phase (Speckle Contrast-Based Imaging). The peculiarities of the manifestation of the time varying speckle contrast for imaging flow were first introduced by Barton and Stromski in the OCT field [145] . Unlike Doppler-based flowing, this method utilizes the analysis of time varying bio-speckles formed by the moving erythrocytes to quantify the flow information in a depthresolved manner. This method has the added advantage that it is insensitive to Doppler angle and eliminates the need for phase-sensitive detection to extract the flow information. The first demonstration of this speckle-based flowing was based on a time-domain OCT system. For obtaining the speckle contrast in a B-fame, four captured sequential Ascans in the B-frame were averaged to a single vale to reduce the effect of noise and the single-pixel speckle caused by the wide angle multiple scattering. Then, the signal is converted in to frequency domain to filter out the DC and unwanted frequency components. The filtered signal was then divided evenly into 5 bins with different frequency bands, a low to high frequency ration was calculated to obtain the speckle contrast imaging [146] . However, the initial performance of this method was hindered by the computational complexity of the flow algorithm employed and the relatively slow frame rate of the time-domain OCT system. Another major drawback of the speckle measurement is that it cannot provide the directional flow information like D-OCT. Firstly, by capturing multiple M-scans taken over different transverse positions (MB-scan) to create a 2D OCT image, by this scanning modality additional temporal information of the scatter motion could be obtained to improve the motion contrast. However, increasing the amount of A-scans taken within each M-scan not only increases the maximum time between phase images that can be measured, but the improved statistics can increase the dynamic range of standard Doppler flow imaging. This scanning protoaol requires significantly more time per transverse position compared to the original Doppler technique in order to get adequate motion contrast. The increased M-scan time limits the ultimate speed for 2D phase contrast imaging with this technique, which cannot be improved through improvements to the A-scan acquisition speed. However, quantitative information about the mobility of the scatterers can be determined by the variance of the phase changes for a range of time separations.
Secondly, by acquiring multiple M-scans over different transverse positions to create a 2D OCT image (BMScan) and taking the phase differences between successive B-scans, the data throughput of phase contrast images is increased and the phase variance motion contrast can be increased as well. In order to ensure a constant time separation between phase measurements for each transverse location and maintain consistency of contrast across the image, successive B-scans are used for transverse scans of the same direction (every 2nd image from bidirectional scanning or unidirectional scan with flyback). By increasing the time separation between phase measurements such as with sequential B-scans, the sensitivity to slower flows is increased significantly while faster flows maintain high variance contrast which can saturate due to phase wrapping [148] . While quantitative flow information may be lost for scatterers that experience significant phase wrapping for this time separation, the variance contrast ensures the visualization of these regions. In order to reduce the motion noise created by transverse sample motion, a histogrambased noise analysis method was implemented.
(b) Speckle Variance-Based Microvascular Imaging. Mariampillai et al. introduced a computationally efficient microvascular imaging based on interframe speckle variance in a swept-source OCT system [142, 149] . Unlike the spatial frequency analysis method reported by Barton et al., this method calculates the interframe intensity variance of structural images, where the image contrast mainly depends on the different time varying properties of fluid versus solid tissue components. The main advantage of this method with respect to DOCT is its signal processing simplicity and implementation. Moreover, this modality is insensitive to Doppler angle-dependent contrast. One of the key disadvantages of this method is the interframe bulk tissue motion, and which can dominate the speckle variance. This motion artifacts could be suppressed by histogram-based method. Figure 10 demonstrates in vivo detection of blood flow in vessels as small as 25 μm in diameter using speckle variance method in a dorsal skinfold window chamber model of mice and which is directly compared with intravital fluorescence confocal microscopy.
(c) Rapid Volumetric Angiography. This method is very similar to the interframe speckle variance-based microcirculation imaging [137] , however, which was implemented in a spectral domain OCT setup. The scanning protocol employed in this technique samples the same transverse location twice per volume with 512 A-scans per image with an interframe sampling time of 11 ms between adjacent B-scans, and thus requires only 12 seconds to render a 3D data set. The angiogram is constructed by high-pass filtering the images along the slow axis of the raster scan [150] . However, this measurement is highly sensitive to the phase shift introduced by the positional errors which includes the sample motion, environmental vibrations, galvanometer jitter, and so forth. The axial movement of the sample causes phase shift and speckle decorrelation in the captured interferograms. These phase variations were estimated and corrected for each transverse position using a cross-correlation method.
(d) Ultrahigh Sensitive OMAG (OMAG). The velocity sensitivity of conventional OMAG is determined by the time interval between the adjacent A-scans, and, hence, the highspeed imaging requirement for 3D angiograms limits the sensitivity to slow flow in OMAG. In order to overcome this limitation, a new scheme called UHS-OMAG was intruded. Unlike conventional OMAG, to achieve ultrahigh sensitive imaging of slow microcirculation, UHS-OMAG employs a new scanning protocol and novel flow reconstruction algorithm [143, 151] .
UHS-OMAG acquires low density B-scan frame (i.e., xdirection scan) with 128 A-lines with a spacing of ∼11.5 μm (which is of the order of the least sampling distance of 10 μm for the system lateral resolution of 16 μm) between adjacent A-lines, which covers a total x-scan range of ∼1.5 mm. In this system, the integrating time was set at 17 μs and the maximum line rate of the camera was 47 KHz, which corresponds to a theoretical imaging rate of 367 frames per second (fps). However, by using Camera Link TM and a high-speed frame grabber board (PCI 1428, National Instruments, USA), the maximum achievable frame rate was 300 fps, limited by the hand shake time between the camera and the host computer. A high density C-scan (i.e., in Ydirection), which encompasses 1500 B-scan over a range of 2 mm along the Y -direction with an oversampling factor of ∼12. The spacing between adjacent B-scans was ∼1.3 μm. The system requires only ∼5 seconds to capture a 3D volume data set of a whole imaging sample.
For obtaining slow microcirculation within the capillary vessels, UHS-OMAG algorithm uses high-pass filtering along the C-scan direction similar to the above-discussed method used in the rapid volumetric angiography, rather than in the B-scan direction in conventional OMAG. In UHS-OMAG, thus, the maximum detectable velocity that is not wrapped is determined by the adjacent time spacing between adjacent Bscans in the Y -scan direction. Figure 11 shows the feasibility of UHS-OMAG for in vivo imaging of slow microcirculation within the mice cochlea.
Summary
The last decade have seen a tremendous development of endogenous-based high resolution and high sensitive optical imaging technique in the field of microcirculation imaging, and numerous studies have shown the feasibility of these modalities in various clinical and fundamental studies. In this paper, we have given an overview of various microcirculation imaging based on endogenous optical imaging techniques. Future improvement of microcirculatory imaging based on laser speckle imaging, capillaroscopy, International Journal of Optics laser Doppler perfusion imaging, laser speckle perfusion imaging, and polarization spectroscopy will be made by incorporation of more advanced camera technology in terms of resolution and frame rate, which will enable RBC velocity measurements in high flow vessels and more accurate vessel geometry determination with high sensitivity. Moreover, the advancement of completely automated software, with new microcirculatory scoring systems, will lead to faster and more exact determination of microcirculatory functioning in clinical and experimental settings. Emerging noninvasive imaging techniques such as PAT and OCT has potentially broad applications in microvascular imaging and characterization, yet much effort must still be invested to mature this technology. The development of advanced light sources, beam delivery, new signal processing algorithms, and detection technologies has driven investigations into a wide array of clinical applications of PAT-and OCT-based microvascular imaging techniques in the fields of ophthalmology, cardiology, and oncology, among many others.
